A mathematical model of the entire pulmonary circulation of the dog, based on branching elastic tubes, is shown to yield a useful description of the propagation of pulmonary vascular pressure and flow waves. The pressure and flow pulses throughout the model are computed from the pressures measured at the arterial and venous ends of the system. Computed flow pulses at each end of the system agree with experimental findings.
• The present study analyzes the propagation of pressure and flow pulses through consecutive segments of the complete pulmonary vascular system. The point of departure was Womersley's analysis of oscillatory flow in a single, uniform, elastic tube (1) . Using the uniform tube as the basic element, and using the most reliable data obtainable on the anatomical and physical characteristics of pulmonary blood vessels, we constructed a mathematical model of the entire pulmonary circulation. This approach differs from that of previous workers who have developed models applicable either to single arteries (1, 2) or to an arterial system that terminates in a lumped impedance representing both the capillary and venous systems (3, 4) .
With blood pressures recorded from the main pulmonary artery and left atrium in intact dogs as boundary conditions, pressures and flows at various locations within the pulmonary vasculature were calculated. In order to verify the model, the contours of the calculated flow pulses were compared with the contours of flow pulses recorded directly from the pulmonary artery and a pulmonary vein.
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The validated model was then used to interpret, in terms of incident and reflected waves, the transformation of the pressure and flow pulses as they traverse the pulmonary vascular bed, and to test the hypothesis that flow pulses in the gas-exchanging vessels of the lung ("pulmonary capillaries") and in pulmonary veins arise primarily from the right ventricle (5) .
Methods
Pulmonary arterial and venous blood pressures and flows were recorded separately or simultaneously in 14 intact, unanesthetized dogs, ranging in weight from 12 to 20 kg. The techniques have been described in a previous paper (5) . Blood flow was measured with a Kolin-Kado (sine wave) electromagnetic flowmeter system (Biotronics, Silver Spring, Md.). Implantation of flow transducers about the main pulmonary artery and a lobar pulmonary vein was made through a left thoracotomy under aseptic conditions. The arterial transducers were 12 to 16 mm in diameter; the venous transducers were 4 to 6 mm. The transducers were chosen to fit loosely at the time of surgery but at autopsy they were invariably incorporated into scar tissue around the vessel. One week was allowed for the animal to recover from surgery; recordings were then made during the next 2 to 3 weeks. Before implantation, the flow transducers were calibrated by mounting them on a segment of canine blood vessel and allowing steady flows of citrated whole blood to pass through the vessel from a constant-head reservoir.
Blood pressures were recorded through indwelling catheters sutured into the main pulmonary artery and left atrium at the time of implanting the flow transducers. The devices used to record pressure and flow were capable of sensing frequencies well beyond the tenth harmonic (16 cycles/sec); recordings were made using a multichannel oscillographic recorder (Electronics for Medicine). The specific records used in the present study are discussed below.
Model
The model of the pulmonary system, upon which the present study is based, is shown schematically in Figure 1 . The main pulmonary artery (generation 1) divides into a right and left pulmonary artery (generation 2), which in turn gives rise to four sets of vessels in regions herein referred to as "lobes." The arterial system in each lobe branches in a uniformly dichotomous manner, and terminates in precapillary vessels, each of which feeds a capillary bed. The venous sysCircuUtio* Rnturcb, Vol. XIX, Oclobtr 1966 tem begins with the post-capillaries, converges dichotomously, and empties into the left atrium through two venous trunks for the right and for the left lobe.
Although the lobes of the model have no precise anatomical counterparts, they do serve to provide the equivalent of regions of different size and length within the lung. The "upper lobes" were made smaller in total cross-sectional area by assigning fewer generations of vessels to them; this also resulted in shorter heart-to-capillary lengths for these lobes. Within each lobe, the vessels of a given generation are identical. This arrangement of the system is a modification of Weibel and Gomez's (6) description of the human lung.
The geometric and elastic properties of the blood vessels in the model are summarized in Table 1 . The diameter of the main pulmonary artery and of the large pulmonary veins was measured when the flow transducers were implanted. The diameter of the right and left pulmonary arteries was based on Fry's observation (7) that their combined area is about 10% smaller than the area of the main pulmonary artery; the length of vessels is based on Attinger's measurements of pulmonary arterial casts (8) . The compliance of the main pulmonary artery was derived from an assumed volume expansion of 3.40%/ cm H 2 O pressure rise, which is between the 4.03% and 2.28% reported by Frasher et al. (9) and Patel et al. (10) . Assuming a ratio of vessel radius to wall thickness of 10, Young's modulus for the arterial vessels approximates the 1 X 10 6 dyn/cm 2 given by Harris (11) for the human lung. A difference between the structure of the walls of arteries and veins is provided for by assuming a ratio of vessel radius to wall thickness of 11 for the veins, while taking Young's modulus equal to that of the arteries. The venous trunks are about 32% more compliant than the lobar arteries. In the uniformly dichotomous regions of both the arterial and venous systems, the physical properties of the vessels in successive generations are assumed to be in fixed ratios. The data for the largest and smallest vessels in each region of dichotomous branching are given in Table 1 to indicate the extent to which the physical properties vary within the model. The geometry of the microcirculation, in the model, is adjusted to produce the mean hydraulic resistance calculated from the particular cardiac cycle being analyzed. Each terminal arteriole gives rise to 30 precapillary vessels, each of which in turn feeds 48 capillary tubes. Although the capillaries are known to be a roughly hexagonal network of vessels imbedded in the alveolar walls, a set of parallel tubes can be used to produce equivalent flow properties. The as-
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FIGURE 1
Schematic representation of the model of the pulmonary circulation based upon the anatomical description of Weibel and Gomez (6) . The numbers in circles refer to the respective generations.
sumed capillary diameter (9.9yu,) results in a mean flow velocity of 0.34 mm/sec for a cardiac output of 27.0 cm s /sec. The three microcirculatory generations are assumed to have elastic moduli about twice as large as the terminal arterioles. Specification of the model is completed by adopting values for viscosity of blood (0.0349 dyn sec/cm 2 ), density of blood (1.06 gm/cm 3 ), and Poisson's ratio for the vessel walls (0.50).
Additional criteria which the model is designed to meet include: a range of heart-to-capillary distances of 7 to 13 cm, as determined by venous catheterization during fluoroscopy: arterial, capillary, and venous volumes of 54, 65, and 61 cm 3 respectively,, based on the data of Feisal et al. (12) and of Piiper (13); a progressive stiffening of vessel walls from the major vessels to the periphery (14) ; and a total systolic volume expansion that does not exceed 60% of the measured stroke volume.
Equation* FLUID MOTION
The basic element of the model used in the present analysis is a segment of uniform elastic tube, with circular cross-section. The motion of a Newtonian fluid is governed by the Navier-Stokes equations. In a circular tube, assuming arisymmetric motion, these take the form: Implicit in considering blood to be a Newtonian fluid, are the assumptions that it is incompressible and its viscosity is constant. The non-Newtonian properties of blood have little effect on pulse transmission in the large vessels where the shear rates are high. On the other hand, these properties are more significant in the microcirculation and have been taken into account, on the average, by adjusting the resistance of the microcirculation so that the model produces the values for over-all resistance obtained experimentally.
With certain additional assumptions, it is possible to linearize these equations (15) . The assumptions are:
1. The radial displacement of the tube is small compared to its radius 2. The wavelength (assuming a damped sinusoidal wave motion) is large compared to the tube radius 3. The wave velocity is large compared to the mean flow velocity 4. The attenuation per wavelength is small Following Womersley, the linearized equations yield an axial velocity distribution integrated over the cross-section of the tube to obtain a relation between pressure and flow:
where: 
where:
Numerical values of M and 6 were tabulated by Womersley as functions of the dimensionless parameter, a, but were recomputed in the present analysis because the tabular range of a was too small.
WALL MOTION
The analog of a second transmission line equation follows from the equations of motion of the tube wall and the equation of continuity of the fluid. The vessel is assumed to be a thin, elastic membrane, with negligible mass, and with a radial displacement that is small compared to the tube radius. Under these assumptions, the equations of motion of the tube wall reduce (15) to a relation between the pressure at the wall and the radial displacement of the tube:
where: E = Young's modulus for the vessel wall, Combining equations 7 and 8 results in the analog of the second transmission line equation: dp (9) where the compliance per unit length, C (cm 1 / dyn), is the analog of the electrical capacitance, and is given by:
The basic uniform tube element of the model is equivalent ot the "tethered elastic tube" discussed by Womersley.
SOLUTIONS
The instantaneous values for pressure and flow, p and q, may be expressed in terms of their complex amplitudes, P and Q:
where Re stands for "the real part of." Substituting equations 11 and 12 into the transmission line equations 3 and 9, and integrating yields the well known solution (16): (14) where A and B are the constants of integration, which must be evaluated by the application of suitable boundary conditions. Z o is the characteristic impedance defined by:
and y is a complex wave number defined by:
The real part of y is the attenuation per unit length, a, and the imaginary part of y is the phase shift per unit length, (3 (rad/cm). The phase velocity, v p , is related to /3 by:
The impedance at any point, x, is defined by:
To evaluate the constants A and B, it is assumed that the impedance at the distal end of the tube, Z^ and the pressure at the proximal end, P p , are known. The proximal end of the vessel segment is taken to be x = 0, and the distal end is at x = d, where d is the length of the segment. Using equations 13 and 14 and apply-ing the boundary value, Z d , yields an expression for the impedance, Z p , at the proximal end:
where TQ^ is the reflection coefficient for flow at the distal end of the tube, defined by:
With the pressure, P p , impedance, Z p , and, as a consequence of equation 18, the flow, Q p , at the proximal end of the tube known; the constants A and B in equations 13 and 14 can be calculated. In the expression P and Q, the terms containing e-i "" are the complex amplitudes of waves traveling in the direction of increasing x, i.e. incident waves. The e^" terms describe waves traveling in the opposite direction, i.e. reflected waves. Both incident and reflected waves travel at the phase velocity, v p . The pressure and flow harmonics resulting from the sum of an incident and a reflected wave will appear to propagate at a velocity:
for the pressure, and
for the flow. Im stands for the "imaginary part." Expressions 23 and 24 for the apparent phase velocity, as well as other relationships describing the interaction of incident and reflected waves, are derived in the Appendix.
COMPUTATIONAL PROCEDURES
The system as a whole was analyzed by combining the equations derived for the single elastic tube with the requirements of continuity of pressure and flow at every junction. Pressures in the stem and in each of the branch vessels at a bifurcation were required to be equal, while the flow in the stem was set equal to the sum of the flows in the two branches.
All vessels in a given generation of a given lobe were assumed to be identical and in parallel, so that they could be treated as a unit; continuity of pressure and flow across a junction then required that the input impedance of a distal generation be equal to the terminal impedance of the adjoining more proximal generation.
The linearity of the equations describing the system allowed a convenient subdivision of the computational procedure. Computations were carried out separately for the mean flow, using Poiseuille's law, and for each of the harmonic components, using formulas 19, 21, and 22 derived above. Each harmonic was further subdivided into an arterial and a venous pulse. The arterial pulse is defined as the pressure and flow waves resulting from application of the measured arterial pressure harmonic, with zero pressure at the venous end. The venous pulse results from applying the harmonic of the measured left atrial pressure, with zero pressure at the arterial end. The pressure or flow at any point in the system was obtained by summing the contributions from the mean flow and from the arterial and venous pulses for each harmonic.
The first step in the computations was to resolve the pressure pulses measured in the main pulmonary artery and in the left atrium into their Fourier components. The Fourier coefficients were computed, using 40 or more data points per cardiac cycle. It was found that the first 10 harmonics reproduced the original curves within the accuracy to which these curves could be read.
The next step was to determine the physical properties of each segment in the model, using data for major vessels and assumed distribution factors. Mean pressures and flows throughout the system were then computed, using the measured mean pressure drop.
The arterial and venous pulses were next computed for each harmonic. For the arterial pulse, the impedances at successive junctions were found by repeated application of equation 19, starting from the zero impedance at the venous end implicit in the definition of the arterial pulse. The harmonic of the flow into the arterial end was found by dividing the input impedance into the measured arterial pressure harmonic. Arterial pulse pressures and flows were then found throughout the model by repeated application of equations 21 and 22. The venous pulse was computed as the sum of four parts. For each part the measured venous pressure was applied to the venous end of one lobe, while the pressures at the other venous ends and at the arterial end were fixed at zero. This allowed the computational procedure for the venous pulse to be the same as for the arterial pulse. The computations were programmed in FORTRAN and carried out on the IBM 7094 Data Processing System.
VALIDATION OF THE MODEL
The geometric and elastic properties of the model were adjusted until the main pulmonary artery flow and the total inflow to the left atrium, calculated from the model, were in good agreement with the arterial and venous flows measured in the experiments. Since the effects of changing the physical properties of the model are most readily related to input impedance, impedance rather than flow was used as a guide in adjusting the model. The magnitude of impedance was altered mainly by changing the dimensions of the microcirculation and the diameters of the arterial vessels. The frequency at which the first impedance minimum occurs was increased either by shortening the vessel lengths or by decreasing the compliance. Oscillations of the impedance curve were reduced by increasing the differences in the heart-to-capillary length of the various lobes of the model.
The values given in Table 1 are those model properties which gave the best agreement between the computed and measured flows. Since a number of alternatives exist for adjusting the model, the values in Table 1 are by no means unique. The model, however, is consistent with the known properties of the pulmonary circulation.
Results
A typical set of simultaneously recorded flow and pressure curves is shown in Figure  2 . A comparison of flow curves computed from the model with those measured experimentally in the main pulmonary artery and in a lobar pulmonary vein, is shown in Figure 3 . While the theoretical and measured flow contours may differ in detail, especially at the venous end, they are similar in shape and in the magnitude of their peaks. Figure 4 shows the transmission of pressure and flow pulses through the pulmonary circulation. In Figure 4A the first and last curves are pressures recorded in the main pulmonary artery and left atrium respectively. From these curves, all other pressure and flow curves have been computed. The dashed line on each of the computed curves in Figure 4A represent the sum of the mean pressure plus the pressure oscillations propagated from the right ventricle. The solid line indicates the effect of adding the pressure oscillations propagated retrogradely from the left atrium, and represents the total pressure at each location. Figure 4B shows the corresponding curves for flow. 
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FIGURE 3
Comparison of flow curves computed for the inlet and outlet of the model with those measured experimentally in the dog. Computed flow shown for the pulmonary veins is the sum of the outflows from all four lobes. The experimental venous flow is recorded from a lobar pulmonary vein at the entrance of the left atrium. To facilitate comparison, the experimental venous flow was scaled so that the area under the venous flow curve would be equal to that under the arterial curve (i.e., stroke volume).
In passing through the large arteries, the pressure pulse becomes peaked in systole and flattened in diastole. The pressure is attenuated in the small arteries and further reduced in the capillary bed. The relatively high venous pressures at the beginning of the cardiac cycle are due to the retrograde propagation of the previous cycle's atrial systole. Pressure in both the arterial and venous side of the pulmonary system is thus seen to be a pulse transmitted from the right ventricle, modified appreciably in the veins and to a lesser extent in the arteries, by a pulse traveling retrogradely from the left atrium.
All of the curves in Figure 4B are computed flows: the first and last curves are the inflow and outflow for the whole lung; the other curves are flows through the right lower lobe only. In traversing the large arteries, systolic flow decreases and diastolic flow becomes peaked. Systolic flow is further attenuated in the small arteries and the diastolic peak disappears. In precapillary region, the flow contour bears a close resemblance to the pressure contour. The flow contour remains unchanged in passing through the capillary bed. In the venous system, the flow amplitude increases again. The flow pulse traveling retrograde from the left atrium has an appreciable effect on flow contour only in the larger veins.
IMPEDANCE
The amplitude and phase of impedance, Z (equation 18), derived from the computed pressures and flows at a number of sites in the pulmonary arterial tree, are shown in Figure 5 as functions of frequency. The impedance shown for the main pulmonary artery is the input impedance to the entire lung, while the impedances for generations 6 (medium sized arteries, 3.5 mm diameter) and 23 (capillary bed) pertain to the right lower lobe only. At zero frequency, the impedance amplitude is the vascular resistance associated with the mean flow.
In addition to the input impedance derived from the computed data at the main pulmonary artery, Figure 5 also shows the input impedance corresponding to pressures and flows recorded there experimentally. The measured and computed input impedances agree fairly well up to the second harmonic (3.2 cycles/sec), but diverge considerably at some of the higher frequencies. The large computed impedance at the fourth harmonic, for example, indicates that the model resonates at this frequency. Fortunately, both pressure and flow for the fourth harmonic are relatively small, so this defect in the model does not appreciably affect the computed results.
At the main pulmonary artery and in generation 6, the impedance oscillates in a manner typical of a line whose terminal impedance is greater than its characteristic impedance ("closed end" type of termination). The first minimum of the impedance for gen- 
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FIGURE 4
The propagation pulses of pressure (A) eration 6 occurs at a higher frequency than that for the main pulmonary artery, because generation 6 is nearer to the "closed end." The impedance at the entrance to the capillary bed is considerably different from that in the larger vessels. The amplitude of precapillary impedance increases from its value at zero frequency, to a peak at a frequency of about 2 cycles/sec. This is in contrast to the larger vessels, where the impedance amplitude decreases in this range of frequencies. Also, the phase of the impedance of generation 23 is 
Discussion
The results indicate that a branching elastic tube model may be used to obtain a useful description of wave propagation in the entire pulmonary circulation. Moreover, the present study shows the extent to which interaction between arteries, capillaries, and veins influences the shape of flow and pressure pulses throughout the pulmonary circulation. The following discussion will: (A.) review the validity of the basic assumptions used in the model, (B.) compare the transformation of pressure and flow as computed in the model with that observed experimentally, and (C.) relate the changes in contour of the propagating pulses to dispersion among the component harmonics and to changes in amplitude of each harmonic.
VALIDITY OF ASSUMPTIONS
Basic to the present analysis is the assumption that the system may be treated as though it were linear. Analyzing the hemodynamic behavior of the femoral artery of the dog, in terms of a single elastic tube model, Womersley (1) showed that the non-linear effects were small (5%). More recently, Bergel and Milnor (17) found the pulmonary vascular input impedance in open-chested dogs to be similar at different heart rates, from which they concluded that the system behaves approximately as a linear system within the physiologic range of heart rates and blood pressures.
In the present study, the principal nonlinear term neglected in the equations of fluid motion, (equations 1 and 2) , is u -. Using ax the flows computed for the linearized system, it is possible to estimate this term, provided that it is relatively small. The most unfavorable case is for the first harmonic in the main pulmonary artery for which the linear term, -, and the non-linear term, u -, have peak at ox magnitudes of 301 cm/sec-and 45 cm/sec 2 respectively. The non-linear term is thus about 132 of the total acceleration. This percentage reduces to about 4% for generation 6, and to less than 1$ for the precapillary generation. These figures indicate that while non-linear terms may not be entirely negligible, they are, on the average, small enough to allow a good approximation by linear theory.
COMPARISON OF COMPUTED AND MEASURED WAVE FORMS
In a previous study in this laboratory (5), records were obtained of blood flow and pressure pulses in the main pulmonary artery, in the small gas-exchanging vessels, and in the lobar veins of intact dogs. A schematic of these records, shown in Figure 6 , illustrates the transmission of pressure and flow as determined experimentally. Comparison with the computed results of the present analysis (Fig. 4) shows marked similarities in the contours of pressure and flow curves, and in the transit times of the pulse through the consecutive vascular regions. The measured delay between the onset of flow in the main pulmonary artery and in the capillaries was 0.09 sec and the delay from "capillaries" to lobar vein was 0.03 sec; corresponding transit times for the model were 0.083 and 0.035 sec.
An important feature of pulse transmission, evident in both studies, is that in going from the terminal arterioles into the venous system, the flow plus retains its shape while the pressure pulse is severely damped. Since the microcirculation is relatively indistensible, the rate of outflow from this region must instantaneously be equal to the inflow, so that a change in flow contour cannot take place. Pressure, on the other hand, is lost in overcoming viscous resistance. The indistensi- bility of small blood vessels has often been mentioned (18) in connection with the "law of Laplace," but its effects on the propagation of pulsatile blood flow does not seem to have been appreciated. Recognition of this effect makes the right ventricular origin of pulmonary venous flow pulsations more tenable. By separating the effects of right ventricular and left atrial pulsations into arterial and venous pulses, the present analysis gives quantitative support to this view.
EFFECTS OF DISPERSION AND AMPLITUDE CHANGES
The changes in contour of pressure and flow pulses propagating through the pulmonary circulation can be described in terms of two fundamental effects: dispersion between harmonics and changes in amplitude of the individual harmonics.
Dispersion occurs between any two harmonics if they travel at different velocities. These differences may be associated with an apparent phase velocity (see equations 23 and 24) due to the presence of reflected waves, or to the variation of phase velocity with frequency (equation 17) due to viscosity (R^O). The latter is a minor effect in the present case because in the larger vessels the variation of the phase velocity with frequency is small, and the shortness of the smaller vessels minimizes the dispersion that can take place there. Thus, the principal cause of dispersion is the interaction of the incident and reflected components of the harmonics. Both the proportion and the relative phase of the reflected to the incident wave vary from harmonic to harmonic.
Amplitude changes in a traveling harmonic are due primarily to changes in the relative phase of its reflected and incident components. Both the apparent velocity and the variations in amplitude during propagation of a given harmonic in any segment of the model, may be deduced from the ratio of input impedance, Z p , to characteristic impedance, Z n . The apparent phase velocity depends on the absolute value of Z p /Z n ; amplitude changes depend on the sign of the imaginary part of Zp/Zo. The criteria for both pressure and flow are listed in Table 2 and are derived in the Appendix.
Contour changes resulting from dispersion may be illustrated by considering the propagation of the first and second harmonics in the large arteries. These two harmonics constitute about 85% of the pulsatile portions of pressure and flow. Figure 7 shows that as the pressure wave progresses distally, the relative phase shift is such that the systolic peak is reinforced and the diastolic pressure is reduced. For the flow pulse, the relative motion is such that the systolic peak is diminished and a secondary flow peak appears in diastole (compare the first two curves in Fig.  4B ).
In Figure 8 , the amplitude of the first four harmonics of pressure and flow of the arterial pulse are shown plotted against the distance from the heart for the right lower lobe. It may be noted that whenever a pressure harmonic is increasing, the corresponding flow harmonic is decreasing. Not all the harmonics increase or decrease together, but progressing distally from the heart, there is a region starting at about generation 5 in which all pressure harmonics are increasing. This is similar to the peaking of all components of pressure in a non-uniform line discussed by Taylor (19) . The pressure curves differ from Taylor's curves in that in Figure 8 there is some point in the small vessels of the arterial system beyond which the pressure amplitude attenuates. This occurs at generation 7 for the first A. MAIN PULMONARY ARTERY harmonic, at generation 10 for the second, and at about generation 12 for the rest. The attenuation that takes place in the more distal arterial generations is under the influence of the "open-end" termination of the venous system. The point at which pressure begins to attenuate may be thought of as the "partially closed end" presented to waves traveling from the heart.
Of the flow harmonics in the arterial system, the first attenuates continuously while the second and third show some peaking before undergoing attenuation. As a result the second harmonic becomes the major component of oscillatory flow shortly before the bifurcation of the main pulmonary artery. This contributes greatly to the diphasic shape of the flow pulse in the large arteries (the second curve of Fig. 4B ).
In the microcirculation, all pressure harmonics are appreciably attenuated, but the largest drop, by far, occurs in the first har- monic. The major change in the arterial pulse pressure between the pre-and postcapillary curves in Figure 4 is the marked reduction of the systolic peak associated with the first harmonic. In the venous system, pressure harmonics of the arterial pulse are gradually attenuated to zero.
In contrast to the pressure, the flow harmonics of the arterial pulse are attenuated only slightly in the microcirculation. At some point within the microcirculation for the first harmonic, and in the small veins for all other harmonics, flow amplitudes begin to peak under the influence of the "open-end" termination at the left atrium.
Appendix
Criteria for Reflection Effects
The velocity at which a wave of frequency a) travels in the x direction is related to the phase, 4>, by the definition: Table 2 . The other entries in part A are similarly obtained.
The peaking or attenuation of amplitude is related to the change in relative phase between reflected and incident components of the harmonic. If the phase of the incident component changes by -A$ degrees over a distance Ax, the phase of the reflected wave changes by + A<J>, and the relative phase between the two waves changes by +2A<£.
The ratio of the reflected to the incident pressure wave at any point x, is given by: z,-z 0 (A5) and the phase of T P will be the relative phase of the reflected wave with respect to the incident component. At x = 0, it is: phaser P , = arc,an ( A 6 ) If Im {Zp/Zoj > 0, the phase of the reflected wave relative to the incident wave will lie between 0° and +180°. As x increases, the angle between the reflected and the incident wave increases by + 2A3> and the resultant harmonic attenuates. If Im[Zp/Z o j<0, the angle between incident and reflected wave lies between 0° and -180°, and the resultant wave is peaked. The reflection coefficient for flow at any
